In this manuscript we present an instrument prototype of own design comprising a fast field-cycling NMR relaxometer with added magnetic resonance imaging capabilities. The instrument operates at a maximum field of 5 MHz (proton Larmor frequency) for a sample volume of 35 cm 3 . The electromagnet is a novel variable-geometry Notch-type already presented in the literature. The system also includes a gradient unit of own design performing with innovative features. The variable-geometry electromagnet endows it with magnetic field and homogeneity correction capabilities. This aspect was tested in detail by performing a controlled degradation of the electromagnet. Starting with 350ppm, the magnet was degraded to 4500ppm by a strong overcurrent at suppressed cooling conditions.
Introduction
During the last years, the development of Magnetic Resonance Imaging (MRI) scanners operating at magnetic fields greater than 3T was highly motivated by special applications like neuroscience [1] and fast imaging [2] , between other. Such magnetic field magnitudes are commonly reached by using superconducting magnets working at fixed Larmor frequencies. When image contrast is weighted through relaxation times, operating at a fixed magnetic field may present a limitation in acquiring images with maximal contrast: maximum relaxation times differences occur at specific frequencies depending on sample composition. This has been noticed early for T 1 -weighted contrast for human white and gray matter [3] , for example, where maximal contrast is given at 10MHz (0.2T in Larmor proton frequency). On the other hand, working at fixed low-magnetic field intensities has a negative impact in the Signal to Noise Ratio (SNR), while also being possibly affected by unfavorable conditions for a relaxation-weighted contrast. Therefore, it can be said that although fixed-field MRI is a robust and highly developed technique, the use of pure physical contrast based on relaxation times may turn suboptimal. The use of high magnetic fields and other physical contrast like diffusion, susceptibility or chemical contrast agents partially compensate the mentioned limitation, but also enhance other physical problems like artifacts associated to subject motion [4, 5] , the electromagnetic wavelength of the associated radio-frequency (RF) fields used for nuclear spins manipulation [6] , a more complex risk management [7] and increasing costs [8, 9] , among other technical limitations that are still a matter of engineering refinement.
A promising solution to the suboptimal relaxation-weighted imaging at fixed-field relays in the possibility to switch the magnetic field into different values, while opening a plenty of new possibilities for physical contrasts that are forbidden for high-field MRI.
Cycling of the magnetic field is a well-known and deeply studied technique for measuring relaxation times and dispersion curves, as for double resonance spectroscopy involving quadrupolar nuclei or electrons (also known as fast field-cycling or FFC) [10, 11] . Fieldcycling NMR experiments may demand rapid variations between different magnetic field intensities, so electromagnets are usually involved. Technological developments on this NMR sub-field are oriented towards working at lower magnetic fields, improve the field homogeneity and stability, improve magnet switching performance and boost-up the SNR [12] . Experiments may be achieved by polarizing the spin system with a strong-as-possible magnetic field, then quickly switching down to low intensities for a pre-established evolution period, and finally bringing the field intensity back to higher values for acquisition (pre-polarized or PP). Alternatively, the spin-system may be subjected to evolve after switching-up the magnetic field, starting from a non-polarized state (non-polarized or NP).
The combination of FFC and MRI, namely FFC-MRI, is a technique which allows acquisition of images of a spin system that has evolved at different magnetic field intensities. Probably firstly suggested by Yamamoto el al. [13] , cycling the magnetic field was successfully applied in combination with proton-electron double resonance to enhance the presence of free radicals in an image (PEDRI or Proton-Electron Double Resonance Imaging) [14] . A specialized system based on this technique did not appear until few years later [15] . Groups from the USA and Canada have also contributed with technological developments in this area [16] [17] [18] . All these FFC-MRI examples (and non-cited subsequent work) were mainly thought from an MRI perspective. Even the concept of relaxometric imaging was originally approached from a pure MRI point of view, using a whole-body MR imager [19] . In almost all the cases, an insert or combined magnet was switched in combination with a static field. We present here the alternative approach of employing a single electromagnet driven by a field-cycling relaxometer, upgraded with all the needed hardware for image acquisition: the MRI-relaxometer.
The possibility to image samples that may evolve at a wide range of magnetic field intensities offers advantages unreachable by conventional MRI scanners with fixed B 0 field.
One example is the acquisition of protein images through use of quadrupolar dips [20] .
However, other possibilities can be explored within this scheme to produce images weighted by different physical parameters. For instance, spin-system manipulations at ultra low field or any non-zero magnetic field within the range allowed by the available hardware are hardly explored feasible options.
Our prototype performance was analyzed through localized relaxometry and T 1 dispersion-weighted imaging experiments. In addition, we show that even using a lowhomogeneity magnetic field (after degrading the electromagnet), the system can be used for the study and design of contrast mechanisms. This last point has a direct impact in the cost of the associated hardware, thus turning into a convenient solution for research and development in the field, in contrast with whole-body field-cycling MRI scanners, where the studied contrast mechanisms and developed protocols can be later used for specific diagnosis.
A word of caution should be mentioned concerning MRI at moderate fields and homogeneities. The challenge of compact low-field scanners is attracting the attention of an increasing number of laboratories worldwide. Cost effectiveness, portability, the lack of artifacts typically present at high-fields, plus the possibility to perform secure diagnosis of certain events, even with a much lower image quality, is by far stimulating new developments and insights in this direction [21] [22] [23] . This picture can also be extended to FFC-MRI systems operating at limiting conditions: a minimum image quality enables the possibility to explore a plenty of physical processes that may turn into specific contrasts. At improved conditions, the system also turns into a cost-effective tool for pre-clinical studies using small animals (work in progress).
The FFC-MRI Relaxometer

Block diagram of the prototype
The system operates at maximum polarization and detection fields of 125mT (5 MHz in proton Larmor frequency units), allowing the spin-system evolution to occur at frequencies below 10kHz. The typical switching time for cycling the magnetic field between its maximal and minimal values can be set between 5 to 10 milliseconds, for a maximum sample volume of 35cm 3 . The prototype was built with parts of own design and fabrication, integrated into a modified Spinmaster relaxometer from Stelar (Mede -Italy).
Particularly, the main electromagnet, the gradient unit and the RF probe were designed and built at our laboratory. The main power supply, its cooling system and an auxiliary console are taken from the Stelar Spinmaster unit, conveniently modified to perform to our needs.
The gradient amplifiers are Techtron 8607, also modified to match our gradient-coil system. The main console is a RadioProcessor-G board from SpinCore Technologies. Figure 1 presents a schematic block-diagram of the prototype.
Figure 1:
Complete schematic diagram of our prototype. The magnet system, gradient unit and RF probe were designed and built at our laboratory. The power supply, cooling system and the auxiliary console corresponds to a Stelar relaxometer, adequately adapted for our needs. Acquisition sequences were programmed in a RadioProcessor-G board mounted in a desktop computer (main console). The gradient coils are fed by 3 Techron 8607 gradient amplifiers, also modified to fit the requirements of our design. A protection system was built to safeguard the gradient coils from excessive current-feed in case of malfunction.
The Stelar RF amplifier was originally designed for transmission of hard, square pulses. Modifications had to be done on this unit to properly amplify the sinc-shaped pulses needed for slice selection. The Techron 8607 gradient amplifiers were adapted to fit with the electrical characteristics of our gradient-unit. A protection system was built to safeguard the gradient coils from excessive currents in case of malfunction. The auxiliary Stelar console controls the field-cycle sequence timings and triggers the acquisition sequence programmed in the RadioProcessor-G board. Extra peripheral hardware had to be fabricated for an adequate communication between the Stelar console and the RadioProcessor-G board, and to match the impedances between the later and the gradient amplifiers.
Controlled degradation of the electromagnet
The main magnetic field is produced by an air-core, Notch-type electromagnet made of aluminum and fabricated in our laboratory [24, 25] . It produces a magnetic field of 125mT when fed with a current of approximately 170A, allowing to switch from zero to said field intensity in less than 3ms without energy storage assistance. For a cylindrical sample volume of 35cm 3 , the effective magnet homogeneity before degradation was lower than 130ppm. This electromagnet was designed under the premises of achieving an adjustable system through a variable geometry, capable of compensating homogeneity losses from, for example, mechanical degradation and thermal stress. The design corresponds to the first active electromagnet used in a field-cycling instrument (work in progress, results will be published elsewhere).
A controlled degradation of the electromagnet was carried out with the aim of testing its capabilities for static magnetic field compensation in an instance of real homogeneity loss. Degradation was achieved by thermal stress after the application of eight current pulses of 200A (4s pulse length separated by 2s at off-current condition) without cooling the magnet. Relevant loss of signal was observed after the third pulse. After degradation the magnet was dissembled to evaluate damage. The loss of field homogeneity was mainly produced by detachment of epoxy glue used to ensure the mechanical stability of the helical structure (see figure 2 ). the aluminum. This causes a severe homogeneity loss and magnet instability.
After reassembling the magnet remaining homogeneity greater than Homogeneity compensation was [25] . During this procedure, the m electromagnet using a Lake Shore 475 DSP gauss was mounted on a home-made 250µm), controlled by a computer.
procedure. Then, the magnetic field homogeneity was further improved to 1400 the FID signal for the fine adjustment of the notch coils positions.
improvement was determined by field homogeneity below 130 ppm coils positions. It was found that symmetry axis was present (which can be further compensated with an anti coil). Nonetheless, the homogeneity improvement from 4500 to 1400 ppm i a case of a severe damage induced on ield homogeneity below 130 ppm could not be reached through adjustment of the notch . It was found that a strong gradient transversal to the electromagnet axis was present (which can be further compensated with an anti Nonetheless, the homogeneity improvement from 4500 to 1400 ppm is substantial for a case of a severe damage induced on the electromagnet. It should be stressed that the It should be stressed that the magnet was not repaired before re in recovering a much better homogeneity after a magnet repair (cleaning and fixing new glue). Figure 3 shows the magnetic field measured before and after the co process. parameter is affected by degradation electromagnet. As a consequence of this unstability, mechanical oscillations causes magnetic field fluctuations after the current pulse applied to the magnet. When switching the magnetic field up, the ST should be as small as possible to avoid significant polarization of the spin system during the field length imposes a limitation on and current control system are the two variables involved in the optimizati control system dampes transcient effects that may extend the ST beyond acceptable values.
In the present scenario, an evaluation of the switching rate is mandatory to minimize the impact of the mentioned mechanical instabilities on the ST.
completely overcomed by repairing and fixing agnet was not repaired before re-assembling. The notch-coil correction can still be useful in recovering a much better homogeneity after a magnet repair (cleaning and fixing shows the magnetic field measured before and after the co Magnetic field measurements in the axis of the electromagnet, before reconfiguration of the notch coils (circles) and after meter takes a few second to pick up the magnetic field value (~4s), a working current of 80A was used to omogeneity was later improved using the FID signal (not shown).
important parameter to evaluate the magnet performance after degradation achievable switching time (ST), defined as the dead time lasting from triggering of the detection field untill this is stable enough to begin the acquisition sequence.
affected by degradation due to a loss of mechanical stability of the As a consequence of this unstability, mechanical oscillations causes magnetic field fluctuations after the current pulse applied to the magnet. When switching he ST should be as small as possible to avoid significant polarization of the spin system during the field-cycle. This is a crucial aspect since the length imposes a limitation on the minimum measurable T 1 value. Current switching rate and current control system are the two variables involved in the optimization. The current control system dampes transcient effects that may extend the ST beyond acceptable values.
In the present scenario, an evaluation of the switching rate is mandatory to minimize the mechanical instabilities on the ST. Clearly, this problem can be completely overcomed by repairing and fixing the magnet coil with a new epoxy its maximum value (normalized). This is the minimum switching time at the given magnet conditions (originally less than 5ms).
Uncertainty in oordinate-axis is associated to the maximum of the NMR signal (Fourier Tranforms). Uncertainty in the absisa-axis is associated with the clock precision of the console (negligible in the scale shown).
Gradient unit
An important task in the design of a FFC instrument is to minimize the magnet bore for a given sample volume. Increasing the magnet size drastically decreases the magnetic field intensity at the same power level. Therefore, the incorporation of a gradient unit requires a compact design in order to minimize the bore size. The gradient unit incorporated into the machine consists of two transversals and one longitudinal gradient coils, working with a cylindrical sample of 30x50mm in diameter and length, respectively.
These coils, their assembly and its cooling system must fit in a diameter comprising between 45 and 69 mm. These restrictions on the available radial space come from the RF shield and inner wall of the cooling chamber of the electromagnet. The coil-set is arranged in a cylindrical symmetry with the z-gradient coil in the inner part and the transversal coils in the external side of the unit. The coil-set is assembled into a gradient probe unit that can be independently located into the magnet bore, before inserting the sample probe.
Longitudinal coil: the optimization method for determining the current path for the conductors was already presented in a previous paper [26] . The single-current z-coil used in this work has 86 loops and a uniformity region better than 5% within the sample volume.
The cylinder former supporting the wire loops has (47 ± 1) and (51 ± 1) mm in inner and outer diameters, respectively, and a total length of (245 ± 1) mm. The coil was constructed by winding AWG19 copper wire into milled grooves on a cylindrical polyacetal resin (Delrin) former. The grooves of (0.50 ± 0.05) mm in depth were grinded on a lathe. Figure   5A shows the magnetic field gradient uniformity map and B is a photograph of the finalized coil. represents the sample zone. Note that this region presents only ± 2.5% deviation in uniformity. B shows a photograph of the constructed prototype. For more details see reference [26] .
Transversal coil: The design of transversal coils was adapted from models already presented in literature [27, 28] . The magnetic field generated by the conductors was simulated by a homemade C++ program. This program was validated for longitudinal prototypes exhibiting great accuracy between computational results and real measurements [26] . One of the transverse gradient coils is mounted on a cylindrical former of (53 ± 1) for the inner and (57 ± 1) mm for the outer diameter. The other former is (59 ± 1) and (63 ± 1) mm in inner and outer diameters, respectively. Both polyacetal resin formers have a total length of (245 ± 1) mm. 
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built using AWG19 copper wire. Figure 6A shows the magnetic field gradient uniformity map for the inner transversal coil and B is a photograph of the finalized coil. Each gradient coil is powered by a Techron 8607 Series gradient amplifier, capable of producing a peak current of 200A across a minimum load of 0,5Ω. We run these amplifiers in constant-current mode: the output is 20A per 1 V input signal. These units were originally designed to drive cylindrical gradient coils in a conventional MRI system, and needed to be modified to match our gradient coil inductance (the electrical connections for the X and Y gradient coils add to their resistance, such that the loads as "seen" by corresponding amplifiers are above 0,5Ω). The constant-current correction loop on the motherboard of the gradient amplifiers is typically set to match to a 1 mH inductive load.
When connected to a circuit with a much smaller inductance the feedback loop overcompensates and produces large current oscillations through the coils. To correct this, we reconfigured an RC integrator circuit in the compensation circuit to react more quickly to our gradient coils, which have the inductances reported in Table 1 . Calibrations were performed using a 44mΩ resistive load placed in series with the amplifiers, and gradient pulses were generated using the RadioProcessor-G board (Spincore Technologies). In all cases the switching rate achieved is above 100A/ms. The rise-up and shut-down times are less than 50µs for all amplifiers (for typical pulse amplitudes used in this work). Noise amplitude was below 5mV in all cases.
Compensation of magnet inhomogeneities and image corrections
Different tests were performed in order to evaluate the effects of B 0 field inhomogeneities after the degradation process. The spin-echo sequence was chosen for image acquisition due to its robustness under the presence of B 0 inhomogeneities [29] . This sequence is combined with either pre-polarized (PP) or non-polarized (NP) field-cycles, as it is shown in figure 7 . These can be conveniently combined for image acquisition in our machine.
Magnetic field inhomogeneities introduce space codifications not contemplated in the image reconstruction process, generating distortion and artifacts. Thus, a correction of such inhomogeneities is needed to preserve the image quality. Based on linewidth measurements, we notice that inhomogeneities introduced after magnet degradation are at least an order of magnitude greater those associated to the original magnet. magnetic field:
where B 0 is the intensity of the mean component of the magnetic field across the sample volume, and F is a function that accounts for the inhomogeneity of the field within the same volume. Using Taylor series expansion to approximate (1), and keeping only the first order terms, we obtain:
Initially, we neglect the last term since axial inhomogeneity has already been compensated (by notch position rearrangement). It will also be shown later that, effectively, it is much smaller than the other terms. Then, fulfilling the resonance condition we only preserve linear gradient terms perpendicular to the z axis. The first step in measuring these gradients is to determine their orientation relative to a fixed reference. To do this, a special sample holder was made, a slab filled with a phantom. The slab dimensions are 28 mm in width, 44 mm in length and 2 mm depth. Figure 8A and 8B show sagittal images acquired at different angles of the slab relative to the main magnet. For this 2D images acquisition phase encoding was realized along the z axis and frequency encoding along the width of the slab (contemplating the slice selection by the sample holder itself). These images suggest that the transversal inhomogeneity has a clear preferred orientation.
Then, we observed that image distortions are corrected when the slab is orthogonal to the Inhomogeneity Gradient (IG). This method allows the precise knowledge of the IG orientation respect to an external reference (main magnet), figure 7C . This condition will be considered as zero of our reference system (upper-left insert in Figure 9 ). The final improvement on the image can be observed in figure 8D . Note that, in this a cylindrical sample is utilized and the space codification is as mention 
Non Local Means filter
To further improve the image quality, a post processing filter was implemented. The efficiency of a denoising method can be measured by the difference between the unfiltered and filtered images [31] . The type of noise dominating in our application is manifested in the NMR signal as a kind of Gaussian white noise. The Non Local Means (NLM) algorithm was chosen because it has been proven to outperform other popular denoising methods [32] .
The main features of the NLM method are (i) region comparison rather than pixel comparison (to filter noise) and (ii) pattern redundancy is not restricted to be local. Details on the mathematical formulation underlying the filter can be assessed in the cited references. Here we briefly refer to filter implementation and evaluation of its performance.
Since we are dealing with magnitude images, the improved unbiased NLM (UNLM) filter was used [33] . The UNLM method removes a noise bias that reduces the contrast in MRI magnitude images. Figure 10 shows the comparison between the NLM and UNLM filters. No appreciable difference can be observed in this example with a naked eye.
However, computed standard deviation for the method noise corresponding to the UNLM filter is slightly higher than the one computed for the NLM filter. This means that the UNLM algorithm eliminated components not reached by the NLM filter. Despite differences are not perceivable to the sight, we decided to use the unbiased version of the NLM method.
The filter was implemented in MATLab with similar parameters as suggested in [33] and consumes a few seconds to run in a computer with Intel7 quad-core processor at 2,8 UNLM filter. 
Experiments
The accomplished experiments (localized relaxometry and T 1 weighted contrast images) were chosen to demonstrate the basic capabilities of the instrument under strongly degraded magnet inhomogeneity.
Volume-selective T 1 measurements in heterogeneous samples
A feature originated in the merge of the FFC and MRI techniques is the possibility to measure T 1 dispersions with spatial localization in small volumes within a heterogeneous sample. Without the aid of imaging techniques, such experiments can be performed using surface coils. This approach may require physical access to the interior of the sample, which can be a complicated procedure while resulting in sample contamination. When working with samples "in vivo", this may imply a surgical incision [34] . On the other hand, the use of magnetic gradient fields for spatial codification and volume selection is a direct and non-invasive practice. Similar techniques are used in localized NMR spectroscopy [35, 36] . This approach has already been used, employing a permanent magnet equipped with an electromagnet for cycling the magnetic field [37] .
A sample-holder consisting of 2 isolated chambers was built to test the capabilities of our machine for 1D spatial localization (slice-selection). Each chamber was filled with water doped with copper sulfate at different concentrations (1.1 and 11 mM), resulting in a binary sample with 2 different spin-lattice relaxation times. A pulse sequence consisting of SINC-shaped RF pulses synchronized with slice-selection field gradients was used for spatial localization.
The longitudinal gradient (z) was used when measuring each sample individualy, while a transversal gradient (x) was used for measuring both samples (this was done so to test for anomalities when using slice selection and heterogeneous samples). Figure 11 shows the T 1 measurements where a scheeme of the corresponding slices is ilustrated. Each Measurement of a sample slice involving both regions line) was performed using the measured T1 from each region
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the minimum volume upon which localized relaxometry can be achieved. Such limit comes from natural decrease of the signal-to-noise ratio experiments were performed to determine this limiting volume.
the sample volume was reduced by subtracting mass from the sample. On the second experiment, each time stronger magnetic field gradients were used between measurements, using localized NMR excitation to effectively reduce volume. The following stopping criteria were adopted: a) uncertainty associated with n 20 % and b) measured T 1 must be undistinguishable from that g mass from the magnetic field gradients were used between measurements, using localized NMR excitation to effectively reduce the sample : a) uncertainty associated with must be undistinguishable from that Uncertainty associated with T 1 measurements increases with decreasing volume in both cases, as it was expected (see Figure 12 ). Furthermore, measured T 1 values using field gradients are indistinguishable from those obtained by subtracting mass from the sample.
Thus, it can be said that field gradients do not disturb T 1 measurements. Finally, minimum sample volume for which spin-lattice relaxation time can be determined with our prototype is 0.25cm 3 , according to the established criteria. This result gives an idea of the minimum sensitive voxel where a T 1 -weighted image can be performed with a maximum T 1 uncertainty of 20%.
T 1 dispersion weighted images
The FFC-MRI technique paths the way for the potential use of different relaxation dispersions involved in a sample as a contrast: T 1 -dispersion weighted images. Sample magnetization at the end of the relaxation period depends on the residence time of the spin system in the relaxation magnetic field (B R ) , τ, and the longitudinal relaxation time T 1 (B R ) [10] . For heterogeneous samples, it is possible to handle relative magnetization magnitudes by choosing adequate field cycling parameters. These magnetization differences can be used to contrast images. Furthermore, if the dispersion curves of the involved components are known, proper Larmor frequencies at which the effect is maximized can be chosen.
It was already observed that different tissues associated to different anatomies in small animals (liver, kidney, spleen, fat, muscle, etc.) present different T 1 -relaxation dispersions [38] . A maximum variation of the magnetic field range turns then important in this approach. Solutions have been explored by inserting a field-cycled electromagnet into a fixed-field main magnet, for example, in the magnet of an MRI scanner. The insert magnet may be bipolar to further increase the effective field range, a solution known as Delta Relaxation Enhanced Magnetic Resonance or DreMR [39] [40] [41] . A more recent patent propose extending the method to other NMR parameters, not only limited to T 1 [42] . Other groups also experienced with this approach, as can be found in the literature. A common feature is that a combination of a fixed magnet plus a field-shifting coil is used. While this approach offers a clear advantage in the attainable S/N ratio, plus the possibility of using the whole powerfulness of a conventional MRI scanner, in general it also represents a highcost solution for concept testing in contrast agent design, preclinical studies in animals, or applications in material science. Without the use of chemical contrast agents, strong natural differences exist in the proton spin-lattice relaxation dispersion slope between liver, fat and the rest of the tissues, particularly at Larmor frequencies that are lower than 5MHz [38] . On the other side, for the vast majority of the studied samples involving soft matter and porous materials, differences between free and constrained fluids, or corresponding to different phases, also occurs at proton Larmor frequencies that are usually lower than 5MHz. It is then in this context that a fast-switchable moderate-cost instrument using a unique magnet, operating from a few Hz up to 5MHz, capable to produce images of acceptable quality, turns very attractive for testing concepts in designing physical or low-field specific chemical contrasts agents, for both biomedical applications or material science.
Preliminary considerations
To analyze the optimal parameters for T 1 -dispersion contrast we select a dispersive (PDMS) and a non-dispersive (CuSO 4 (AQ) at 2.5 mM concentration) sample. Dispersion curves for each individual sample were measured with a STELAR Spinmaster FC2000/C/D relaxometer ( Figure 13A ). From the dispersion curves, it can be expected to see no difference in signal intensity between the two samples at 5 MHz (except a minimum difference given by proton density). On the contrary, due to the noticeable difference between the dispersions, after a residence time at low field the signal intensity of each component will be different.
It is possible to define an image contrast based on a simple model. The magnetization evolution during the relaxation interval (PP sequence) can be expressed as [10] :
where M 0 (B R ) and M 0 (B P ) are the equilibrium magnetizations at the relaxation and polarization fields, respectively, and T 1 (B R ) is the spin-lattice relaxation time at the relaxation field. Considering M 0 (B R ) in equation (4) as a magnetization offset:
Here, ∆M 0 = M 0 (B P ) -M 0 (B R ). Both samples follow the evolution expressed in (5), with their respective parameters. Thus, for a fixed relaxation interval τ and taking the natural logarithm of the magnetization rate between both samples, after a simple algebra we find:
In equation (6), ‫ܯ‬ ෩ ொ and ‫ܯ‬ ෩ ெௌ depend on the measured magnetizations (signal intensity) for the aqueous solution and PDMS, respectively, and R 1 is the relaxation rate (inverse of T 1 ). To validate the results obtained by our prototype we compare both sides of the above equation in two different ways. The right side of equation (6) was calculated using the dispersion measurements from figure 13A (red curve in figure 13B ), measured using a Stelar FFC relaxometer. For the left side of equation (6), the magnitudes of magnetization for each sample relaxometer prototype (black square maximum frequency of the relaxation field that is about 3MHz (s figure 13B) . For higher frequencies a NP sequence should be considered instead. With this simple model, the commercial relaxometer and our prototype. It also reveals that the switching time used is sufficiently short as to have a not further explanation). A similar contrast in reference [43] . Figure 13B clearly shows that the contrast becomes maximal at the lower relaxation field values for a PP
T 1 weighted images
The same samples from the previous experiment were used to test resolution we may get in performing T homogeneity is about 1400ppm and magnet current stability is lower than 1:10 ation for each sample were independently measured using the relaxometer prototype (black squares in 13 B). This comparison has sense only at a maximum frequency of the relaxation field that is about 3MHz (see blue dashed line in B). For higher frequencies a NP sequence should be considered instead.
dispersion curves measured for the PDMS sample (squares) and aquous solution (triangles)
as measured using a commercial Stelar relaxometer. (B) Left side of equation (6) calculated with the measured signals the relaxation rates of figure (A). An accurate measurement of contrast factor for evolution s above 3 MHz requires using a NP field cycling sequnce, otherwise the magnetization dynamic range is too smal model, we probe consistency between measurements obtained with and our prototype. It also reveals that the switching time used is sufficiently short as to have a noticeable effect in magnetization evolution similar contrast, using a pre-polarizing external field A first image was acquired using 14A). A minor contrast can be observed stated. Then, a second image was acquired using a and ST = 9ms. This image displays the expected phenomena: magnetization from PDMS sample has almost fully relaxed contrast, the magnetization corresponding to the unperturbed. It is also possible to obtain an image were contributions from the dispersive samples are highlighted, by taking the difference between the NP and PP acquired imag ( Figure 13C ). mM with T 1 (2) = (119 ± 7)ms. In this case, the magnetization evolution during the relaxation period can be expressed in as:
Writing the two spin-lattice relaxation times as T 1 (1) and T 1 (2) = kT 1
, with little algebraic effort it can be shown that there exists an optimum relaxation delay τ* where the contrast is maximum:
In our case, k = 10.4 and hence τ* = 29.5ms. Using the same parameters, we find that for the inversion recovery sequence the π and π/2 pulses should be separated by 82.5ms.
This is a significant difference in MRI context, were the acquisition sequence must be A first image was acquired using an NP sequence allowed magnetizations from both c appears uniform and it is not possi components having approximately generated using the information from figure 16 optimal relaxation delay for the NP sequence image ( Figure 17B ). The component It is also possible to obtain the inverse higher T 1 value (muscle fiber)
PP field-cycling sequence with B exact τ value such that the fat signal intensity has the this calculation the optimal τ exponential decay of magnetization was assumed (disregarding scanner with the inversion recovery technique. But, as previously stated, acquisition times can become excessively long. On the other hand, contrast also improves for lower fields where relaxation times are much shorter.
muscle fiber tissue (squares) and fat (circles). The local minimum in the muscle tissue curve at MHz corresponds to a quadrupolar dip (indicated with an arrow). It is important to notice that difference between curves, and hence image contrast; increases for working Larmor frequencies higher and lower than A first image was acquired using an NP sequence at 5MHz with a long allowed magnetizations from both components to saturate ( Figure 17A) . Image intensity appears uniform and it is not possible to distinguish between muscle fiber having approximately equal proton density). Contrast however can be g the information from figure 16. Equation (8) with B E = 100kHz. It is necessary to acquire the image with the fat signal intensity has the same value as that in Figure 17 τ value used for image in Figure 17B was employed and an exponential decay of magnetization was assumed (disregarding the evolution during ST Here we are testing the possibilities of the prototype for positive and negative contrasts, under highly unfavorable conditions: inhomogeneous field with poor current stability just testing a dispersion-weighted contrast.
Discussion and final remarks
A main difference of this work with other FFC we present a relaxometer with MRI capabilities, conceived as design of physical and chemical contrast agent value was then calculated by forcing magnetization intensities from the he same in both cases. Figure 17C shows the acquired image and difference between images 17B and 17C.
with slice selection of a beef sample (muscle fiber+fat). All images were acquired using 64x64 data matrices, slice Brain imaging turns particularly attractive due to a potentially aid in the detection and assessment of stroke [44] , between other diseases that may be efficiently observed using FFC-MRI in the near future.
In this work we show the feasibility of getting FFC-MRI images at poor homogeneity conditions. This fact relaxes the power supply and control electronics requirements, especially on stability demands and concerning the magnet design as well. This opens the possibility for low-cost devices that can be adopted by laboratories working in pharmacology, preclinical studies, development of contrast agents and material science, between others.
The machine here presented is based on a commercial relaxometer from Stelar srl (Mede-Italy) that was conveniently modified to the mentioned purposes. A gradient unit was designed and fabricated according to the prototype requirements. Peripheral hardware was introduced to complete the system. The Non-Local Means filter was successfully implemented to further improve image quality post-acquisition. Experiments were carried out to calibrate the system as a whole, and simple experiments were presented to test the machine capabilities under unfavorable conditions.
The results here presented were obtained after a controlled degradation was performed on the electromagnet. The objective of the procedure was to test the performance of the variable geometry design in compensating field inhomogeneities, in a scenario of real damage. Originally, the B 0 field homogeneity was better than 350ppm for a sample volume of 35cm 3 , and the ST from 0 to 125mT (5 MHz for protons) was below 3ms. After degradation of the magnet the measured homogeneity turned to be worse than 4500ppm
(same sample volume). It was improved to less than 1400ppm by adjusting the notch-coils positions, and a ST of 9ms was obtained by optimization of the current switching rate and tuning the current control system. The degradation procedure resulted in detachment of the epoxy resin used to seal the helical structure and assure the mechanical stability of the coil.
Detachments occurred in various locations along of the magnet producing a buckling of the structure. Such deformations induced transversal magnetic components that were not possible to compensate through adjustment of the Notch-coils positions. The variable geometry of the design allowed for a recovery of the B 0 field homogeneity along the axis with some degree of success: the magnetic field along the axis after degradation can be approximated by a linear gradient of magnitude 7,6mT/m (see Figure 2) , which was reduced to less than 0,6mT/m by reconfiguration of the architecture. The remaining transversal inhomogeneity was measured, and it was found that it can be accurately approximated by a first order expansion: a linear gradient. It was observed that such transversal gradient produces distortions in the acquired images and a strategy was elaborated to mitigate its effect.
The overall performance of the prototype was validated by performing T 1 relaxometric measurements and acquiring 2D images with slice selection. Minimum sample volume for which T 1 measurement can be achieved with 20% precision was found to be 0,25 cm 3 . T 1 -weighted images were acquired using different samples. Images with positive and negative contrasts were shown.
Further improvements on this prototype will be shown elsewhere. A main topic in which we expect to gain progress relays in improving image quality and resolution at limiting homogeneity and current stability conditions, using just one switched magnet of simple design, towards an instrument that is already useful to explore innovative physical contrast agents based on low-field (even close to zero) manipulation of the spin system.
